As an initial step to investigate stimulus-response relations in growth and remodeling (G&R) of cardiac tissue, this study aims to develop a method to simulate 3D-inhomogeneous volumetric growth. Growth is regarded as a deformation that is decomposed into a plastic component which describes unconstrained growth and an elastic component to satisfy continuity of the tissue after growth. In current growth models, a single reference configuration is used that remains fixed throughout the entire growth process. However, considering continuous turnover to occur together with growth, such a fixed reference is unlikely to exist in reality. Therefore, we investigated the effect of tissue turnover on growth by incrementally updating the reference configuration. With both a fixed reference and an updated reference, strain-induced cardiac growth in magnitude of 30% could be simulated. However, with an updated reference, the amplitude of the stimulus for growth decreased over time, whereas with a fixed reference this amplitude increased. We conclude that, when modeling volumetric growth, the choice 
Introduction
Over the years several finite element (FE) models of cardiac mechanics have been developed to study pump function in relation to the three-dimensional (3D) geometrical, passive, active and anisotropic properties of the myocardium (Bovendeerd et al. 1992; Costa et al. 2001; Geerts-Ossevoort 2003; Kerckhoffs et al. 2003; Nash and Hunter 2000; Usyk et al. 2002; Stevens et al. 2003) . Tissue properties, however, are not constant over time as the tissue exhibits growth and remodeling (G&R) in response to (changes in) mechanical loading (Donker et al. 2005; Holmes 2004; MacKenna et al. 2000; Sadoshima and Izumo 1997; Simpson et al. 1999) . The clinically most evident examples are left ventricular (LV) hypo-or hypertrophy in response to hemodynamic under-or overloading of the LV, respectively. Furthermore, local changes in mechanical loading, as induced by asynchronous contraction, have been shown to result in asymmetric wall thickening (van Oosterhout et al. 1998) . The details on the type of stimulus and the local response, however, still remain unclear (Omens 1998; Humphrey 2001) . Extension of models of cardiac mechanics with features of G&R may provide additional insight in adaptation by allowing quantitative testing of hypotheses regarding the stimulus-response relation. Subsequently, thus extended models may be used to estimate long-term outcome of clinical interventions causing chronic changes in load, such as cardiac re-synchronization therapy.
Recently, 3D FE models have been developed that enable computation of volumetric growth in patient specific geometries (Alastrue et al. 2007; Kuhl et al. 2007 ; Ramasubramanian et al. 2006; Rodriguez et al. 2007) . In these models, volumetric growth is regarded as a deformation that potentially changes the externally unloaded shape, volume and state of stress of the tissue (Rodriguez et al. 1994; Skalak et al. 1982; Taber 1998) . Internal stresses are constitutively related to growth deformation via an initial stress-free configuration of the tissue that remains fixed throughout the entire growth process. As such, growth remains dependent on the initial tissue configuration.
In an alternative approach, the tissue has been considered as a mixture of constituents, each of which exhibits continuous turnover (Humphrey and Rajagopal 2002 ). An implication of this turnover is that a certain initial configuration becomes irrelevant once all initial tissue constituents have been renewed. From this argument, constitutive laws used in growth models to relate internal stresses to growth deformation should not be related to a fixed reference configuration, but rather to a configuration that evolves together with growth.
The aim of the present study is twofold. The first aim is to include volumetric growth in an existing 3D model of cardiac mechanics. The second aim is to investigate the effect of using a fixed or an evolving stress-free reference on progression of volumetric growth. Both approaches are implemented in a 3D FE framework.
Method

Growth during a single growth increment
Assuming density of soft tissue to be constant, growth is modeled by a change of volume. As shown in Fig. 1 , a growth increment from time t = t 0 to time t = t 0 + t is simulated by deforming the stress-free tissue configuration B 0 to the externally unloaded, not necessarily internally stress-free, grown configuration B g in three steps.
Step 1: Computation of the growth stimulus In the first step, the externally loaded tissue configuration B l is determined. Deformation is quantified by the load deformation gradient tensor F l , which is related to tissue displacements u l through:
with ∇ 0 the spatial gradient operator with respect to the stress-free configuration B 0 and I the identity tensor. Under external loading conditions, Cauchy stress σ in the tissue is constitutively related to deformation F l by a strain energy density function W l :
where E l = 1 2 F T l ·F l − I is the Green-Lagrangian strain due to external loading. Displacements are computed from balance of linear momentum, which under the assumption of negligible body and inertial forces reads:
where ∇ l denotes the spatial gradient operator with respect to B l . The problem definition is completed with natural and essential boundary conditions along deformed surface parts ∂B l,n and ∂B l,e , respectively:
with t p a prescribed traction and u p a prescribed displacement. Next, a scalar load measure s is extracted from B l . Similar to Taber (1998) we assume growth to be stimulated if the load s differs from its homeostatic (i.e. target) value s hom , i.e.:
Step 2: Translation of the stimulus to a growth tensor In a second step, the stimulus is translated into an incremental growth deformation tensor F g that describes unconstrained tissue growth. Local volume changes during growth are mathematically specified by the determinant of F g :
with V 0 and V the local tissue volumes before and after the growth increment. The isochoric partF g = det(F g )
3 F g specifies the preferred direction in which the new tissue is deposited. In this study, without loss of generality of the kinematic description, new tissue constituents are assumed to be deposited in all directions equally (isotropic growth) and F g takes the form:
The idea that a supra-homeostatic load will lead to a net increase of volume, whereas a sub-homeostatic load will lead to a decrease of volume, is phenomenologically described by:
with β a rate constant. Linearization with respect to volume V 0 at the start of the growth increment yields:
Consequently, for the incremental growth deformation tensor it holds:
Step 3 
Change in tissue volume is related to F g only, i.e. F e is isochoric. Growth displacements are related to F eg according to:
Generally, part F g is assumed to be plastic and stresses are only generated by the elastic part F e (Alastrue et al. 2007; Kuhl et al. 2007; Ramasubramanian et al. 2006; Rodriguez et al. 1994 Rodriguez et al. , 2007 Skalak et al. 1982; Taber 1998 ). In our model, the growth-induced Cauchy stress σ g (F e ) is related to a strain energy density function W g through:
with E e = 1 2 F T e ·F e − I . Growth displacements are computed from balance of linear momentum, which is now given by:
where ∇ g denotes the spatial gradient operator with respect to the intact grown configuration B g . Growth is assumed to alter the externally unloaded (traction-free) tissue configuration. To model this, boundary conditions are specified according to: Consequently, stresses will be present in the grown tissue, but they will not accumulate
Cumulative growth
Generally, after one growth increment, the initial unloaded configuration B 0 is deformed by F eg,1 to form the new externally unloaded tissue configuration B g,1 (Fig. 2) , where the subscript is added to indicate the increment number. Next, a new growth increment is started by loading configuration B g,1 , resulting in externally loaded configuration B l,1 where a stimulus is computed and translated into a new growth deformation F g,2 . Subsequently, F g,2 is used to determine the new configuration B g,2 , which is related to B g,1 through F eg,2 . As can be derived from Fig. 2 , after n growth increments B 0 is cumulatively deformed into B g,n according to
eg which is given by:
To asses the effect of using a fixed or an updated stressfree configuration, we distinguish between two approaches to compute the cumulative growth tensor (Fig. 2a, b) . Figure 2a schematically shows the commonly used approach in which the stressfree reference configuration B 0 remains fixed throughout the growth simulation (Alastrue et al. 2007; Kuhl et al. 2007; Ramasubramanian et al. 2006; Rodriguez et al. 2007) . In this approach, internal stresses after increment n are related to F e,n as given by:
Fixed reference configuration
g the cumulative unconstrained tissue growth that is given by:
In this approach, the cumulative grown deformation F (n) eg is directly determined from the balance of linear momentum in Eq. (14) by using F (n) g as input with stresses related to F e,n . Thus, internal stress in the grown configuration remains dependent on the initial configuration B 0 through F (n) eg .
Updated reference configuration
In this case, growthinduced internal stresses are assumed to relax due to tissue turnover. To describe this behavior the stress-free reference configuration is updated after each growth increment using the computed incremental tissue displacements (Fig. 2b) . Consequently, internal stress in the grown configuration is only dependent on the last grown configuration B g,n−1 through F eg,n . Now, for the elastic deformation F e,n it holds:
In this approach, the incremental growth deformation F eg,n is computed from the balance of linear momentum using the incremental unconstrained growth tensor F g,n as input. The cumulative growth deformations F (n) eg and F (n) g are then determined by the incremental deformations according to (16) and (18), respectively.
Application to the cardiac left ventricle
Geometry We illustrate both approaches by simulating growth in the cardiac left ventricle (LV). The unloaded LV wall is represented by a truncated ellipsoid with a cavity and wall volume of 44 and 120 ml, respectively (Fig. 3a) . Both are representative volumes for the dog LV (Bovendeerd et al. 1992 ).
Strain energy density function Under loading conditions, the passive cardiac tissue is strongly non-linear and anisotropic due to the fibrous structure. To model this behavior, we use the strain energy density function W l as proposed by Kerckhoffs et al. (2003) :
where objectivity of stress is ensured by choosing W l as a function of E l . Part W m describes the isotropic response due to extracellular matrix deformation, while W f describes additional stiffness in myofiber direction. The GreenLagrangian myofiber strain E f f is specified by E f f = e f,0 · E l · e f,0 . Near-incompressible behavior is enforced through W v . Material parameter values a 0 = 0.5 kPa, a 1 = 3.0 kPa, a 2 = 0.01 kPa and a 3 = 60.0 kPa were obtained from Kerckhoffs et al. (2003) . The bulk modulus a 4 was set to 5.0 kPa.
Myofiber orientation
Myofiber orientation e f,0 in the externally unloaded LV is quantified by helix angle α h,0 with respect to a prolate ellipsoidal coordinate system ( Fig. 3a) :
where e φ and e θ denote the circumferential and the longitudinal direction in the unloaded geometry, respectively. Initially, the myofiber angle α h,0 varies linearly in transmural direction from +60 o at the endocardium to −60 o at the epicardium. During growth, new tissue is assumed to locally have the same myofiber angle as that in the existing tissue. This implies that transmural heterogeneity in tissue growth affects the transmural course of the myofiber angle.
Stimulus and growth Growth is assumed to be triggered by a deviation of end-diastolic myofiber strain from a homeostatic value s hom = 0.13. This homeostatic value roughly resembles myofiber strain during the filling phase in the healthy LV. End-diastolic myofiber strain s is given by:
The end-diastolic situation was simulated by imposing a surface traction t p = −p n, with n the unit outer normal on the deformed surface and p the cavity pressure of 1 kPa. During growth, the product β t in Eq. (10) was set to 1. The strain energy density function was taken the same as during external loading, i.e. W g = W l .
Simulations and analysis Using both a fixed and an updated reference configuration to simulate growth, we assessed volume changes, changes in end-diastolic strains and changes in myofiber angles. The number of growth increments was chosen such that for both simulations, volume changed by about 30%. Change in unloaded tissue volume was computed according to:
Furthermore, to asses directionality of growth, we divided change in tissue volume into change of myofiber length computed according to:
and change of area perpendicular to the myofiber (cross myofiber area) as computed from:
where myofiber growth stretch ratio λ eg, f is given by:
with
eg the right Cauchy growth strain.
Numerical treatment
At each time increment, tissue displacements due to external loading or growth are determined by solving the balance of linear momentum in Eqs. (3) and (14) with a Galerkintype of finite element method (Bathe 1982) , as implemented in the commercial package sepran (sepra, Leidschendam, The Netherlands). Prescribed displacements u p are identical for the loading and growth step: basal movement is restricted in apex-to-base direction, while rotation of the endocardium with respect to the epicardium is allowed. Switching from computation of displacements during loading ( u l ) to computation of displacements during growth ( u eg ) involves a change in traction t p by switching between cavity pressure p from 1 to 0 kPa, respectively. A modified Newton-Raphson method was employed to linearize balance of linear momentum with respect to the stress-free reference configuration (total Lagrangian formulation). Spatial discretization occurred with tri-quadratic hexahedral elements, while spatial integration was conducted with a Newton-Cotes scheme.
The mesh of the initial unloaded stress-free reference configuration is visualized in Fig. 3b . For the fixed reference approach, the finite element mesh remains the same for each growth increment. For the updated reference approach, the mesh is updated after a growth increment by displacing the nodal points by the incremental growth displacements u eg , while neglecting the internal stresses. This results in a new stress-free mesh. Figure 4a shows an inhomogeneous distribution of enddiastolic myofiber strain after the first loading step, as visualized in the initial unloaded geometry. End-diastolic myofiber strains are higher at the sub-endocardium than at the subepicardium. Figure 4b , c shows the total amount of volume change, together with the change in geometry as obtained with a fixed reference and an updated reference, respectively. With both cases significant changes in volume could be obtained with a magnitude of 30%. However, to achieve this change with an updated reference approach about twice as much increments were needed.
Results
As growth progressed and the reference configurations in both approaches started to diverge, end-diastolic strain became different also. Figure 5 provides a more detailed view of the transmural distributions of tissue growth, end-diastolic strain, and helix angles before and after growth at three different longitudinal levels. The left panel of Fig. 5a shows that the pattern of local volume change is similar for the two approaches. When local volume change is divided into change in cross myofiber area and change in myofiber length, it becomes evident that volumetric growth predominantly occurs through a change in cross myofiber area (compare middle and right panel, Fig. 5a ). With both approaches, cross myofiber area increases in the subendocardium and decreases in the subepicardium. Differences arise between both simulations, when regarding the change in myofiber length. With both approaches, subepicardial myofibers shorten. However, subendocardial myofibers shorten when using the updated end-diastolic myofiber strain. When updating the reference configuration, end-diastolic strain becomes closer to the homeostatic value over the whole transmural range. When fixing the reference, end-diastolic strains from mid-wall to epicardium diverge from the homeostatic value. c Due to inhomogeneous volumetric growth, the transmural distribution of myofiber angles α h,0 in the externally unloaded tissue changes from a linear to a more parabolic one reference approach, while they lengthen when using the fixed reference approach (right panel, Fig. 5a ). Growth using an updated reference caused end-diastolic myofiber strains over the complete transmural range to become closer to the homeostatic values (Fig. 5b) . With a fixed reference, however, myofiber strains decreased over the whole transmural range, resulting in divergence from the homeostatic values in mid-wall and subepicardial regions.
As a consequence of the transmural inhomogeneity of growth, in both simulations the transmural distribution of the myofiber angles evolved from a linear to a more parabolic shape (Fig. 5c) . Regions with positive growth exhibited a decreased transmural gradient of fiber angle α h,0 in the externally unloaded configuration, whereas an increase in transmural gradient was observed in regions with negative growth.
Discussion
The aim of the present study was twofold. The first aim was to develop and test a method to simulate load-induced inhomogeneous three-dimensional volumetric growth of a complex geometry such as the cardiac LV. Generally, our approach to simulate a load-induced increment in volumetric growth involves three steps; (1) simulation of beat-to-beat tissue mechanics to determine a load measure relevant for growth deviation of this measure from its homeostatic value yields the growth stimulus; (2) the stimulus is related to a desired amount of volume change, which is subsequently translated into a growth tensor F g that describes unconstrained tissue growth; and (3) based on the growth tensor, a simulation of growth mechanics is used to deform the unloaded tissue configuration to an intact locally grown tissue. Commonly a fixed reference is used to compute growth during multiple increments. However, in light of continuous turnover occurring together with growth, such a fixed reference is unlikely to exist in reality. Therefore, as a second aim we investigated the effect of updating the stress-free reference after each growth step on the grown geometry.
To illustrate our model we simulated LV growth in response to end-diastolic myofiber strain. With both fixed and updated reference approach, similar growth behavior could be observed, as far as changes in tissue volume, cross myofiber area and myofiber orientation are concerned (Fig. 5) . With both approaches, volume changes in magnitude of 30% could be obtained. However, end-diastolic strain developed differently between both approaches. While growth with an updated reference caused end-diastolic myofiber strain across the wall to develop towards to the homeostatic value, growth with a fixed reference resulted in mid-wall and subepicardial strains that were further apart from the homeostatic value.
Apparently, our simulations have not progressed to a point where differences in end-diastolic strain between the two approaches clearly affect the observed volumetric and cross-sectional change. However, our results show that fixing or updating the reference configuration may eventually have a significant effect on the achieved growth.
It remains unclear which of the two approaches is more realistic. Fixing the reference configuration causes shape changes during growth to result in accumulation of internal stresses in the externally unloaded tissue. These residual stresses are usually assumed to cause the opening of the externally unloaded tissue upon incision. As such, comparison of model-predicted opening angles with experimentally determined ones has been used as a way to check the growth model (Taber and Humphrey 2001) . Although the traditionally used growth model with a fixed reference provides for a theoretical link between growth and residual stress development, unfortunately however, to the best of knowledge, no direct experimental evidence exists that either supports or rejects a causal relation between growth and residual stress buildup. In contrast, when considering tissue turnover, stresses due to growth are more likely to be related to incremental growth rather than to accumulated growth, i.e. turnover causes constituents bearing the residual stresses to be replaced. Therefore, it may be more physiological to update the stress-free reference configuration after each growth increment, instead of fixing it. However, when updating the reference, build-up of residual stress during growth is limited to the last increment. To still account for the existence of residual stresses in real mature tissue we note that it has been hypothesized that, during turnover, new constituents may be added in the existing tissue under pre-stretch, thereby affecting the residual stress state of the total tissue (Humphrey and Rajagopal 2002; Watton et al. 2004 ). As such, residual stresses may originate from a combination of G&R.
Experimental data remain unclear about the relation between the growth stimulus and the response (Humphrey 2001; Omens 1998) . As a consequence, several assumptions had to be made in the growth model. Firstly, we used enddiastolic myofiber strain as growth trigger, since in vitro stretching of myocytes has been shown to induce a hypertrophic response (Sadoshima and Izumo 1997; Simpson et al. 1999) . However, experimental data remain inconclusive and other candidates remain plausible. For instance, growth due to increased filling in vivo was also found to correlate to ejection (myofiber) strain and end-diastolic stress (Donker et al. 2005; Holmes 2004 ). To be more specific, Donker et al. (2005) found a correlation between normalization of ejection strain and end-diastolic stress on the one hand, and a decrease in growth rate on the other. As a approximation, we adopted a linear relation between the growth rate and the stimulus (Eq. 4).
Secondly, we assumed unconstrained growth to be isotropic, since no experimental data exists about the directionality of unconstrained tissue growth. Experimental data shows that, depending on the loading conditions, the intact cardiac LV can exhibit eccentric growth, in which mainly the length of the myofibers increases, or concentric growth, in which mainly the thickness of the myofibers increases (Gerdes and Capasso 1995) . Interestingly, our simulations show that isotropic unconstrained growth yields an anisotropic, growth pattern in the intact heart, as volume changes predominantly occurred by a change in myofiber cross-sectional area (Fig. 5a ). Should experimental data about the directionality of growth become available, it can readily be incorporated by changing the form of growth tensor F g (Ramasubramanian et al. 2006 , Rodriguez et al. 2007 ).
Thirdly, we assumed strain energy density functions during loading (W l ) and growth (W g ) to be the same. However, as stated by (Humphrey and Rajagopal 2002) : "a constitutive relation does not define a material, it merely quantifies a behavior under certain circumstances". In other words, the short-term behavior of cardiac tissue on a beat-to-beat time scale may differ from the behavior on a time scale of growth, suggesting W l = W g .
Finally it is noted that, in our model, we implicitly included the effect of turnover by updating the reference. In the future, the growth model should be extended with more detailed description of turnover and remodeling, capable of including an explicit relation between (changes in) local tissue behavior (e.g. orientation, stiffness, pre-stretch, etc.) and (changes in) local volume. The theory of mixtures as proposed by Humphrey and Rajagopal (2002) provides an elegant approach to do this. We envisage that such an extension enables the model to capture a much wider range of physiological processes, thereby potentially generating additional insights into the relation between local mechanical stimuli and G&R.
Summary and conclusions
A method has been presented to simulate load induced inhomogeneous volumetric growth in a complex tissue geometry and, furthermore, to asses the effect of fixing or updating of the stress-free reference configuration. In the cardiac LV, inhomogeneous volume changes in magnitude of 30% could be simulated by using a deviation in end-diastolic myofiber strain from its homeostatic value as stimulus. As growth progressed and the reference configurations in the two approaches started to diverge, the end-diastolic strain also became different. With an updated reference, stimulus amplitude decreased over time everywhere in the wall. However, with a fixed reference no such reduction in stimulus was observed. It is concluded that, when modeling volumetric growth, the choice of the reference configuration is of great importance for the computed growth.
